We have designed and realised a new type of microsystem for the electrical characterisation of epithelial cell layers for biomedical diagnostic purposes. We have used deep plasma and other micromachining procedures for the fabrication of vias and microfluidic channels in silicon and glass substrates. Miniaturised cell culture devices have been realised by gluing nano-porous polycarbonate membranes in between two structured wafers and by combining these with glass wafers to provide integrated microfluidic channels. We have characterised the impedimetric properties of our microsystem, demonstrated epithelial cell layer growth within it, and have done the initial electrical characterisations of epithelial cell layers. We believe that our devices will open new perspectives for cell-based diagnostic applications, especially for those where available cell quantities pose a limiting factor. q 2000 Elsevier Science S.A. All rights reserved.
Introduction
Miniaturised bio-chemical measurement systems will have a large impact on the way medical diagnostics will be done in the near future. More particularly, in the field of clinical diagnostics and pharmacology, the use of living cells for fast specific and non-specific chemical sensing is w x an area of increasing importance 1-3 . For example, cells in a liquid environment can be transported within microchannels by using electro-osmotic flow by applying w x high voltages across the microchannel 4,5 . A cell or cell layer is a complex system with appropriate response to a variety of external physical and chemical excitations. Ex-Ž periments on such living biological systems e.g. using w x. electrical resistance or fluorescence measurements 6 can lead to the study of diffusion and transport of biological or pharmacological molecules through the cell or cell layer w x 7,8 . Until now, all these experiments were done in macroscopic tissue resistance measurement chambers w x 9,10 . Individual cell culture chambers, with a diameter ranging from a few millimetres up to some centimetres, are realised in arrays in standard plate compatible formats. In these devices, a cell tissue layer is grown on a nano-porous membrane placed at the bottom of the chamber and measured with two pairs of electrodes, which are mechanically inserted in the system after cell culture. Despite the functionality of these devices, there are several drawbacks. First of all, the relatively large size of the cell chamber requires relatively large amounts of cells and biological fluids. Also, the requirement of a perfectly closed cell Ž . culture layer to prevent electrical short-circuiting events is a condition, which is much harder to fulfil for the larger membrane surfaces. Moreover, the non-integrated and mechanically positioned electrodes are a source of uncertainty in determining the correct cell layer resistance, as varying contact geometries can give rise to large resistance contributions of the physiological cell medium. Evidently, the application of external electrical contacts also can be a source of cell culture contamination. The progresses in the field of microfabrication technology for the fabrication of three-dimensional microsystems have opened new ways in miniaturisation. Evidently, small millimetre-size or smaller cell culture chambers and membranes in a microsystem configuration with integrated electrical contacts and microfluidic feed-throughs do not suffer from all problems mentioned above.
In this paper, we propose a new microsystem approach, using miniaturised electrical measurement electrodes and integrated microfluidic channels, for the electrical characterisation of epithelial cell layers. The substrate chosen for 0925-4005r00r$ -see front matter q 2000 Elsevier Science S.A. All rights reserved.
Ž . PII: S 0 9 2 5 -4 0 0 5 0 0 0 0 2 9 2 -6 ( ) S. Hediger et al.r Sensors and Actuators B 63 2000 63-73 64 Ž . Fig. 1 . a Schematic cross-section of the basic tissue measurement structure showing epithelial cell layer covered nano-porous membrane separating the top from the bottom reservoir. ( )the cell layer growth is a nano-porous polycarbonate membrane, as used in the macroscopic cell tissue measurement applications. This membrane is sandwiched between two Ž . micromachined wafers silicon or glass for providing upper and lower fluidic reservoirs, allowing cell nutrition and exposure to various chemicals from either side of the membrane. A lower Pyrex or floatglass wafer is combined with an intermediate wafer to form integrated microfluidic channels and connections to the membrane structures. Our structure facilitates control of the cell layer growth, the measurement of the cell layer resistance, the transport and diffusion of biological or pharmacological molecules Ž . through the cell layer and accurate measurement of biochemically induced resistance variations. We have realised this microsystem by using photolithography, various etch-Ž ing procedures among which is silicon deep plasma etchw x. ing and powder-blasting 11 , anodic wafer bonding and gluing technologies. We have characterised the electrical behaviour of our microsystem using NaCl and physiological liquid solutions and have done cell culture experiments on our devices. Finally, we have measured the frequency dependent surface resistance of Madin-Darby Ž . Canine Kidney MDCK cell layers grown on our devices. Fig. 1 shows a schematic cross-section of the basic tissue measurement structure: it consists of an assembly of two micromachined silicon or floatglass wafers, with a nano-porous polycarbonate membrane glued in between.
Design
Ž The surface of a single culture device determined by the . Ž . Fig. 3 . Batch process for the realisation of the silicon based tissue culture measuring device, using two silicon wafers 1,2 and one Pyrex wafer 3 .
( )culture wells on one device. Fig. 2 is an artist impression, showing an oblique view of a partially sectioned device revealing the various patterned layers. This figure clearly shows the external fluidic connections to the lower reservoir underneath the membrane, as well as a top removable reservoir, made out of the elastomer Polydimethylsiloxane Ž . PDMS , which is needed for providing a sufficiently large Ž . quantity of biological solution withstanding evaporation during the 3 days of the cell growth. The figure also shows the bottom electrodes in the lower microfluidic channel and the upper electrodes on the top wafer. Fig. 3 shows the batch process for the realisation of the silicon based tissue culture measuring device. Five lithographic masks are used for the whole processing sequence. The fabrication technologies are deep plasma etching for the cell culture via and for the microfluidic channel in the lower silicon wafer, wet etching for the top silicon well, anodic bonding of a Pyrex glass wafer with the lower silicon wafer and, finally, an appropriate gluing procedure for sandwiching the polycarbonate membrane in between the two silicon wafers.
Microfabrication technology
Y Ž . We start with a 380-mm thick 4 100 silicon wafer with a resistivity of 0.3 V cm, on which we structure a photoresist mask for the dry etching of the vias and Ž microfluidic channels in the lower silicon wafer denoted . by 1 in Fig. 3 . We used a SF deep plasma etch, combined 6 with a C F sidewall passivation process in a STS reactor, 4 8 resulting in vertical etch profiles and etch rates of about 5 Ž . mmrmin Fig. 3a ,b . The same kind of silicon wafer Ž . denoted by 2 in Fig. 3 is used as top substrate for the etching of the wells in a classical KOH solution in order to Ž . obtain oblique sidewalls Fig. 3d . After a thermal oxidation step giving rise to an oxide thickness of about 0.5 mm on every outer silicon surface, including the via, well and . the microfluidic channel Fig. 3c , the top TarPt electrodes are sputtered through a shadow mask. The electrical Ž . contacts on the Pyrex wafer denoted by 3 in Fig. 3 are Ž . realised using a lift-off process Fig. 3f ,g . However, prior to the Pt deposition, we use the lift-off stencil to etch a 0.5-mm deep recess in which the TarPt contacts will be Ž . buried Fig. 3f . This procedure gives rise to a flat top wafer surface, which lends itself excellently to an anodic Ž . bonding assembly with the top silicon wafer Fig. 3h . Fig.  3i represents the gluing of the nano-porous membrane on the structure of Fig. 3h . The structure is completed by gluing the structured silicon wafer of Fig. 3d on top of the membrane, forming the upper reservoirs. Fig. 4 shows the batch process for the realisation of the glass-based tissue culture measuring device. The sequence is similar to the one used for the silicon-based device. The plasma and KOH etching procedures are replaced by a powder-blasting erosion process using metallic contact masks. The various structured layers are bonded simply by gluing.
We start with a 530-mm thick 3 Y floatglass wafer Ž . denoted by 1 , on which we pattern a channel and inlet and outlet vias using powder-blasting through a metal Ž . contact mask Fig. 4a,b . The top and bottom TarPt electrodes are then realised by sputtering on two other Ž . floatglass wafers denoted by 2 and 3 using a lift-off Ž . process Fig. 4c,d and e . The glass wafer of Fig. 4e Žwhich will be the wafer, containing the top electrical . contacts of our device is powder-blasted through a metallic mask, and will later form the top cell culture chambers Ž . Fig. 4f . The same gluing technology as for the siliconbased device is then used to glue the bottom wafer with Ž the glass wafer containing the channels of Fig. 4d Fig. . 4g . The nano-porous membrane and the top glass wafer are as well glued with the same gluing technology to Ž . obtain the finalised device Fig. 4h,i .
One of the most critical steps for the fabrication of the tissue culture measurement device is the polycarbonate membrane gluing. The whole difficulty lies in the fact that the polycarbonate membrane has to remain free of glue on each of the cell culturing sites. The method used is schematically shown in Fig. 5 . It consists of applying an Ž w . ultra-thin layer of liquid glue Araldit on a paraffin foil using a rolling procedure and bringing it into contact with Ž . the lower stack of the device Fig. 5a . By carefully lifting Ž . the paraffin foil, a smooth an thin ; 1 mm gluing layer is Ž . left on the surface Fig. 5b . A similar procedure is adopted for applying glue on the lower side of the top wafer. The gluing procedure appeared to be very critical in the fabrication process; when the gluing layer is not suffi- ciently thin, small residues of glue tend to spread on the polycarbonate membrane, thereby filling the nano-pores and preventing later cell culture at such site. Evidently, when the nano-porous membrane surface is partially covered with glue, this will result in an arbitrary and variable enhancement of the measured perpendicular resistance. This would be an additional origin in a spread of resistance values of grown cell layers during later device applications. For experiments with grown cell layers, we have used only devices with a nano-porous membrane fixed using our special gluing procedure and, hence, completely free of residual glue on the membrane.
Results and discussion
The gluing problem is illustrated in Fig. 6a , which shows a glued nano-porous membrane, of which an important part of the surface is covered with glue. For this sample, we did not use our special gluing procedure described above. The device is characterised by a much smaller cell culture area. Scanning Electron Microscope Ž . SEM graphs of both uncovered and glue covered membrane surface are shown in Fig. 6b and c, respectively. Fig.  7a and b are SEM cross-sections of the complete stack of a silicon based cell culture device, Fig. 7b showing a detail of the membrane with its two gluing layers. Fig. 8a and b Ž . are photographs of diced and Printed Circuit Board PCB mounted device, Fig. 8a showing the silicon based device with electrical connectors on the left and microfluidic connectors on the right of the structure. Fig. 8b shows the glass-based device with the PDMS reservoir attached onto the top silicon wafer, allowing the application of sufficient physiological fluid during the growth of the epithelial layer.
After the design, the technology development and the fabrication of our new microsystem for epithelial cell culture applications, we have characterised the frequency Ž . dependent electrical impedance 100 Hz -f -2 MHz of our devices, using a HP4194A ImpedancerGain-Phase analyser. Therefore, we have used NaCl 0.2 M salt solu-Ž . Ž tions r f 60 V cm and physiological solution r f 60 . V cm used during growth of the epithelial cell layers. Fig.  9a shows the impedance of a silicon-and a glass-based cell culture device, filled with physiological solution, as a function of frequency. At low frequencies, the impedance is particularly high; we attribute this to the large difference in resistivity between the physiological fluids and the metal electrodes, giving rise to a polarisation layer near the electrodes, resulting in an effective capacitance, as is well
Ž . Fig. 8 . Optical photographs of diced and PCB mounted devices: a silicon-based device b glass-based device.
w x known for a Schottky diode 12 . With increasing frequency, this electrode capacitance becomes short-circuited, resulting in a lower impedance corresponding with the actual resistance of the nano-porous membrane and the physiological liquid within the channels and vias. For example at 100 kHz, we measure a surface impedance of 25 and 30 V P cm 2 for the silicon-and the glass-based device, respectively. For a better understanding of our ( )Ž . Fig. 9 . a Frequency dependent two-point surface impedance measure-Ž ment in both types of biosystem using physiological solution r s 60 . Ž . V cm . b Frequency-dependent two-point impedance measurement of a polycarbonate membrane with 0.4 mm pores and a surface area Ss16 mm 2 . We used two flat Ni electrodes to have the electrical field perpendicular to the membrane and distilled water and NaCl 0.2 M solution Ž . Ž. r s60 V cm as pores filling solution. c Frequency dependent twoand four-point impedance measurements in a plastic tube of 1.4-mm Ž diameter and 20-mm length using a physiological solution r s60 . V cm .
results, we have realised in parallel a few impedance reference measurements on another type of structure, in which the electrical field is perfectly perpendicular to the membrane, shown in Fig. 9b . We have sandwiched a same type of nano-porous membrane filled with a NaCl 0.2 M Ž . solution between two metal Ni electrodes, thereby avoiding direct electrical contact via the liquid from the top Ž . Ž . Z q to the bottom Z y electrode. The surface of the upper electrode, defining the resistance measurement area, is 16 mm 2 . The lower curve of Fig. 9b shows the measured impedance when no polycarbonate is used and the upper electrode is brought into contact with the bottom one without use of solution. For this situation, we find a resistance of 4 V P cm 2 for our two point electrode measurement set-up, which should be subtracted from the experimental curves. The resistance results are very similar to that of Fig. 9a . For example, for the NaCl solution, we find a resistance per unit surface area of 7.5 V P cm 2 at 100 kHz, corresponding to the true perpendicular resistance of the membrane and consistent with the electrical measurement of Fig. 9a .
To further elucidate the influence of electrode configuration on the electrical measurements, we also have verified our hypothesis of the Schottky barrier-like induced capacitance near the metal-liquid interface by resistance control experiments on B1.4 mm plastic tubes filled with NaCl and physiological solution and provided with four metallic contacts. The result of a two point measurement of the liquid column impedance is shown as the upper curve of Fig. 9c . One clearly observes the impedance rise at low frequencies, similar to Fig. 9a and b . On the other hand, for the four point measurement, we observe a nearly flat curve, which corresponds to the proper frequency independent impedance and resistivity of the liquid. This experiment indicates that valuable information on the membrane and cell layer impedance can be obtained by measuring at high frequencies, even in the two-point set-up. . w x from K. Matlin, Boston were cultured as described 13 and plated on the microstructures at a density of 5 = Ž . 5 min at room temperature , the cells on the microstructure were covered with a drop of Moviol embedding w x solution 10 and viewed with a Zeiss Axiophot microscope using a 63 = Apachromat oil immersion lens, epifluorescence and fluorescein filters. The cell-growth experiments demonstrate the potential of our microsystem for miniaturised biological applications. Fig. 11 shows the surface resistance measurement in our glass-based devices before and after an MDCK cell culture. Four point surface resistance measurements were performed at 1 kHz in six nominally identical culture sites of our glass-based microsystems. The insert shows the difference of surface resistance before and after cell culture. The dashed line represents the mean value. The mean difference of surface resistance value is of about 40 V P cm 2 with a considerable standard deviation. As we have used only devices with a nano-porous membrane fixed using our special gluing procedure and, hence, completely free of residual glue on the membrane, this resistance variation is not due to the gluing procedure but due to the non-uniformity of current lines in our device, combined with slight geometrical differences between the culture sites. Indeed, when locating the measurement electrodes very close to the membrane, the measurement will become very sensi-Ž tive as practically, the resistance of the fluid does not . contribute to the measured resistance , but the exact measured value will strongly depend on contact symmetry, positioning with respect to the cell chamber, etc. The mean value for the surface resistance is of the same order of magnitude as the results on the 'macroscopic' epithelial cell culture devices, where we found a value of 70 V P cm 2 . The difference in surface resistance between the macroscopic cell culture devices and our microsystem approach could be due to edge effects of the membrane during cell culture or due to non-uniform measuring cur-Ž . rents for the 'macroscopic' devices .
Conclusions
We have designed and realised a new type of microsystem for the electrical characterisation of epithelial cell layers for biomedical diagnostic purposes. We have used several fabrication technologies such as deep plasma, wet etching procedure and powder-blasting, as well as metal thin film deposition in order to obtain microfluidic channels in silicon or glass substrates, with patterned electrodes. The miniaturised cell culture device was then assembled using a well-studied gluing procedure, whereby we sandwich a nano-porous polycarbonate membrane between two structured wafers. We have used only devices with a nano-porous membrane fixed using our special gluing procedure and, hence, completely free of residual glue on the membrane, thereby avoiding device related perpendicular resistance variations. Devices have been systematically tested using electro-physiological fluid and ionic solutions of various resistivity. We have characterised the electrical behaviour of our microsystems using frequency-dependent impedance measurements. Finally, we have demonstrated epithelial cell layer growth within our microsystem and surface resistance measurements of the cell mono-layer. We hope that our devices will open new perspectives for cell based diagnostic applications, especially for those where available cell quantity is a limiting factor. 
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